Small circular light fields (≤ 2 cm diameter) are sometimes used for photodynamic therapy of skin and recurrent breast cancers on the chest wall. These fields have lateral dimensions comparable to the effective mean free path of photons in the turbid medium, which causes reduced light fluence rate compared to that of a broad beam of uniform incident irradiance. We have compared Monte-Carlo simulation with in-vivo dosimetry for circular fields (R = 0.25, 0.35, 0.5, 0.75, 1, 2, 3, and 8 cm) in a liquid phantom composed of intralipid and ink (µ s ' = 4 -20 cm -1 and µ a = 0.1 cm -1
INTRODUCTION
Photodynamic therapy (PDT) is a cancer treatment that involves the use of a photosensitizer, oxygen, and light of a wavelength specific to the absorption characteristics of the photosensitizer 1 . Several clinical trials are on-going at University of Pennsylvania for patients with surface malignancies. A Phase II clinical trial of Motexafin lutetiummediated PDT for patients with recurrent breast cansers using the 732 nm light has been completed 2 . Motexafin lutetium (MLu) is a pentadentate aromatic metalloporphyrin manufactured by Pharmacyclics, Inc. 3 . Photofrinmediated PDT is also being used for skin cancer using the 630 nm light. Photofrin® is a purified mixture of porphyrin monomers and oligomers manufactured by QLT, Ltd. Vancouver, Canada 4 . These photosensitizing drugs are not sufficiently tumor specific; hence, light dosimetry is required in order to control light fluence and thereby restrict cell kill to the target tissue to avoid damage to healthy tissue.
When treating the surface lesions with PDT, it is often necessary to treat a lesion as small as 2-cm in diameter. For these small fields, the light fluence rate reduces significantly from that for an infinite large field because of the reduced photon scattering by tissue. The clinical questions to ask are (1) how does the light fluence rate change with field size, given similar treatment conditions? (2) What lateral extent of the light field is sufficient to cover the tumor at depth in tissue? For the theoretical calculations, we used a Monte-Carlo simulation because the diffusion theory is not valid when the lateral dimension of beam geometry becomes comparable to the mean-free-path of the photons or when the region of interest is near the air-tissue interface. We also measured light fluence rate as a function of field size at tissue surface and at several depths in an optical phantom for several wavelengths to confirm the theoretical calculation.
In a previous study, we determined the ratio between the light fluence rate and the incident irradiance φ/φ air as a function of the tissue optical properties for a broad laser beam incident on the skin surface, both inside and outside tissue 5 . The current work extends the relationship to a light field with a finite circular dimension. In this study, we concentrate on light dosimetry for the subcutaneous soft tissue, whereby tissue is treated as a homogeneous thick layer. The effect of multiple layers of tissue types 6 are beyond the scope of the current study.
METHODS AND MATERIALS

Monte-Carlo Simulation
The experimental setup to be calculated by Monte-Carlo simulation for a semi-infinite medium with uniform optical properties, i.e. the absorption coefficient µ a , the scattering coefficient µ s , the scattering anisotropy g (= 0.9), and the index of refraction n is shown in Fig. 1a . The outside medium is air (n 0 =1). The light field is parallel and uniform inside a circle with radius R and incident toward the air-tissue interface. Most tissues have a preferantial scattering in the forward direction with a scattering anisotropy g = 0.90 7 . In the diffusion approximation, the tissue scattering is converted to isotropic conditions (g = 0) and the tissue scattering property is described by a reduced scattering
To improve the scoring efficiency, Monte-Carlo simulation is performed for a pencil-beam incident on a semi-infinite tissue phantom (Fig. 1b) . The photon density (ρ n ) is scored in a cylindrical geometric relationship consisting of rings of 0.01 cm thickness (dz) and 0.02 cm width (dr). A ring voxel is shown in Fig. 1b . The light fluence rate (φ) per unit incident light power of the pencil beam (in unit of 1/cm 2 ) is calculated as ρ n /N inc /µ a , where ρ n is the photon density (in unit of 1/cm 3 ), N inc is the number of incident photons, and µ a is the absorption coefficient (in unit of 1/cm).
Reciprocity theorem
8 is used to calculate ratio of the light fluence rate φ to the incident irradiance (or light fluence rate in air φ air ) on the central axis of a circular field with radius R by an area integral:
(1)
We have also scored the fractional photons escaping the air-tissue interface into the air as a function of lateral radius r (with a resolution of 0.02 cm) and emitting angle θ (with a resolution of 0.18°). The reciprocity theorem is used to calculate the angular distribution of differential diffuce reflectance r d for circular fields as a function of radius and emitting angle θ. The light fluence rate above the tissue surface is calculated using the diffuse reflectance R d
) as previously described 5, 9 φ/φ air =1+ 2R d .
(2)
Here we have assumed that the tissue surface is a Lambertian surface. Under this assumption, the radiant intensity (also called radiance 10 ) emerging from the tissue surface follows cosθ for an azimuth angle θ 11 . This assumption will The Monte-Carlo algorithm is similar to approaches used previously in the literature [12] [13] [14] [15] . The effect of reflection at the air-tissue interface, resulting from the refractive index mismatch, was modeled according to the Fresnel reflection coefficient for unpolarized light 12 . Photons are propagated through the medium using a step size ∆s = mfp·lnξ, where ξ is a uniform distributed random number and mft =1/(µ s +µ a ) is the mean free path and a scattering angle selected from the phase function determined by the Henyey-Greenstein phase function 13 with anisotropy g = 0.90. Each incident photon (normal to the inteface along the z direction) is followed until it is escaped from the turbid medium at the interface or when its weight is insignificant. We followed 1 million incident photons for each Monte-Carlo simulation. Each simulation takes about 20 hours on a 1.8 GHz Pentinum 4 PC, depending on the optical properties used. The code is written in matlab® language. The MC result has a typical statistical uncertainty of less than 0.1%. This small standard variation for only 10 6 incident photons is possible because a convolution of pencil-beam result is used to calculate the broad beam parameters.
Phantom Experiments
The phantom measurements were performed in a liquid phantom made of intralipid (0.25, 1, 1.5%) and ink to verify the Monte-Carlo results, as shown in Fig. 1 . Series of circular fields (radius R = 0.25, 0.35, 0.5, 0.75, 1, 1.5, 2, 3 cm), defined at the phantom surface, were produced by a circular block made of blackened paper. The laser was connected to an optical fiber fitted with a microlens at the exit tip, producing a circular field on the phantom surface of 8 cm radius. The laser system used for measurement was a Nd:Yag KTP laser (LaserScope, Model 820) operating at 30 W power at 532 nm, and a dye laser module (Laser Scope, 600 Series) operating at 7W at 630 nm. A 3W diode laser (DioMed, Inc, Cambridge, UK) provided light source for 730 nm. The output of the laser was verified by a Coherent power meter with a calibration traceable to the National Institute of Technology and Standards. The phantom has known optical properties determined independently 5 . The phantom has a reduced scattering coefficients of (µ s ' = 3.7, 13, and 21 cm -1 ) and an absorption coefficient of µ a = 0.1 cm -1
. It was necessary to change the concentration and the types of ink to keep µ a constant for different wavelengths: 0.01% black ink for 532 nm, 0.015% green ink for 630 nm and 730 nm.. A 1 mm-diameter isotropic detector 16 was used to measure the fluence rate on the phantom surface (0.2 cm above phantom) and inside the phantom at various depths (z = 0.2, 0.5, 1, 1.5 cm). The isotropic detector was manufactured by CardioFocus, Inc. (west Yarmouth, MA) with an anisotropy of less than 10% and should measure the fluence rate accurately. The isotropic detector was calibrated in a 15.2 cm diameter integrating sphere (Labsphere, North Sutton, NH) using the method previously described 16 .
Since the isotropic detector has different responses in air and in water due to the mismatch of the index of refraction 11 , we also made measurements of the isotropic detector response in pure water, without any scattering medium. The ratio of the isotropic detector response in liquid tissue-simulating phantom and pure water, under similar conditions, was used to determine the true light fluence rate in tissue. The measured fluence rate was then normalized to the incident light fluence rate for a broad beam in free air, at the same distance from the light source. An additional correction was made to correct for the under-response of the isotropic detector to scattered light due to a blind spot near the stem where light was not detectable 11 . This effect was about 15% for the isotropic detector used in this study and was determined by measuring the ratio φ/φ air of the isotropic detector with and without a perfectly diffused reflecting surface with a diffused reflectance of R d = 0.99.
RESULTS AND DISCUSSIONS
The comparison between measurements and Monte-Carlo simulations on a semi-infinite medium is shown in Figs. 2 and 3. Figure 2 shows the radius dependence for three different wavelengths (532, 630, 730 nm). The optical properties of the phantom are µ a = 0.1 cm -1 and µ' s = 13 cm -1
. Figure 3 shows the depth dependence. The optical properties used for the MC simulation are µ a = 0.1 cm -1 and µ s ' = 4, 13, and 20 cm -1 . Figure 2 shows that once the optical properties (µ a and µ s ') are fixed, the light fluence rate becomes independent of wavelength. For 1% Intralipid, µ s ' does not substantially vary with the wavelength: µ s ' = 13.5, 14.1, 13.1 cm -1 for 532 nm, 630 nm, and 730 nm, respectively. The absorption coefficient is the same for all wavelengths (µ a = 0.1 cm -1 ). . The measured value tended to be larger than the MC calculation for small radii. On the tissue surface, the opposite became true, i.e. the measured φ/φ air was smaller than that from the MC simulation. The difference between the measurement and the MC simulation was typically less than 20%, except for the measurement taken above the phantom surface under conditions with µ a = 0.1 cm -1 and µ s ' = 20 cm -1 , where a slightly larger deviation was observed (26%).
One potential cause for this difference between the measurement and the Monte-Carlo simulation is the difference of index of refraction between water (n = 1.33) and the tissue (n = 1.4). Figure 4 shows the influence of n on the light fluence rate for otherwise the same optical properties (µ a and µ s '). When the index of refraction is increased, the light fluence rate inside the tissue also increases but the light fluence rate outside of tissue decreases. One would not expect a change of curve shape since the index of refraction n affects how many photons are transmitted inside the phantom and how many photons escape from the tissue surface. This effect, however, does not seem to be the cause of the difference we observed in this study because the trend was opposite from what was observed. The other possible cause of the difference between the measurement and the MC simulation is an overcorrection of the isotropic detector response inside tissue. The isotropic detector is estimated to underestimate light fluence rate by 10 % in a water-based turbid medium 17 . However, we applied a correction factor on the order of 15% based on the detector underresponse measured on the phantom surface. This over correction may result in the detector measuring a higher light fluence rate than the actual fluence rate.
On the whole, the relative good agreement between our measurement and the MC simulation suggests that the MC results is useful to predict φ/φ air for circular fields inside and above tissue surface. For a fixed absorption coefficient µ a , the peak light fluence rate increases with increasing µ s ' (or µ eff ), as shown in Fig.  3 . However, the optical penetration depth (δ = 1/µ eff ) decreases with increasing µ s ' because the effective attenuation
increases. Table 1 shows the range of the ratio of the peak fluence rate, relative to that of a broad beam (R = 8 cm), as a function of the radius R of the circular field in tissue. The ratio of the peak fluence rates between a circular beam and a broad beam under tissue is 0.58 -0.96 or 0.84 -1.00 for r between 0.5 -2 cm and µ eff = 1.1 or 2.0 cm -1 , respectively. Figure 3 also shows that the penetration depth of light fluence rate (δ = 1/µ eff ) decreases with decreasing radius due to the reduced scattering of photons for smaller fields. This value is obtained by an exponential fit to the depth dependence of φ/φ air well within the tissue. For a larger field radius with sufficient photon scattering inside the irradiated area of the turbid phantom, the penetration depth becomes a constant, independent of the field radius. Table  2 summaries the radius dependence of the penetration depth. δ starts to reduce significantly when the radius of circular field is less than 2 cm. The reduction of optical depth is less for smaller µ eff than for larger µ eff . The optical penetration depth δ varies from 0.34 -0.48 cm for r between 0.5 and 2 cm, with the corresponding δ = 0.51 cm for a broad beam. The radius dependence of φ/φ air in tissue is shown in Fig. 5 for µ s ' between 4 and 20 cm -1 and µ a = 0.1 cm -1 . Table 3 summarizes the values of φ/φ air for different beam radii and depth in tissue. φ/φ air is always larger than 1 above the tissue surface, as predicted by Eq. (2). The ratio of fluence rate and incident irradiance above the tissue surface is 1.4 -1.8 or 1.9 -2.2 for R between 0.5 -2 cm and µ eff = 1.1 or 2.0 cm -1 , respectively. Just underneath the tissue surface, φ/φ air increases significantly after an initial buildup (Fig. 3) . At depth of maximum fluence rate, φ/φ air can be as high as 6. The ratio of peak fluence rate and incident irradiance for the broad beam is 5.9 and 6.4 for µ eff = 1.1 and 2.0 cm -1 , respectively. This phenomena is caused by strong photon scattering. The total energy is still conserved by the fact that the effective attenuation of the light (µ eff ) is much larger than that caused by the absorption (µ a ) alone. To show the relative change of the fluence rate with beam radius, Table 4 summarizes the ratio of fluence rate to that of a broad beam (R = 8 cm) for the same depth and optical properties. The reduction of this ratio is significant for R < 2 cm (or a 4-cm-diameter field). The degree of ratio reduction increases with increasing depth, reflecting reduced optical penetration depth as discussed above ( Table 2 ). The radius dependence of the ratio φ(R)/φ(R=8cm) above tissue does not change as much as that inside the tissue. For µ a = 0.1 cm -1 and µ s ' = 13 cm -1 , the ratio changed between 0.73 -0.98 above tissue surface for radius R between 0.5 -2.1 cm, while it changed between 0.14 -0.96 at depth of 0.2 cm for the same radius range.
φ/φ air above the tissue surface was calculated according to Eq. (2). This requires that the radiance of exiting photons follows a cosθ law, where θ is the angle between the axis of the air-tissue interface and exit direction. Figure 6 shows that the angular dependence of the MC calculated r d follows a function sin2θ = 2sinθ cosθ for all beam radius and optical properties examined. As a result, we conclude that the exit radiance follows the Lambert law, i.e., L ∝ cosθ. Other people have confirmed the same result The radius dependence of φ/φ air is not a function of µ eff alone, rather it is a function of both µ a and µ s '. The lateral distribution of light fluence rate can be calculated using a convolution of the pencil-beam kernel and the uniform unit incident light:
where I is 1 inside and 0 outside the light field radius and k is the pencil beam kernel calculated by MC simulation: k =
Note that the pencil-beam kernel is cylindrically symmetrical, i.e. it is a function of To characterize the variation of the fluence rate as a function of lateral distance r, the off-axis ratio OAR(r,z) was defined as the ratio of fluence rate at off-axis distance r to the fluence rate on the central axis, at the same depth z. Table 5 , respectively.
CONCLUSION
We have studied the ratio φ/φ air between the light fluence rate and the incident irradiance using both Monte Carlo calculations and phantom measurements. Previously we have demonstrated that it is possible to estimate the tissue optical properties using the ratio between fluence rate and incident irradiance using the diffusion theory 4 . However, 
